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Abstract

Tribology is a terminology introduced in the 1960’s and it is a study that
relates to the investigation of the damage of materials. Titanium, as a material used
for a wide range of application, it has been brought to the attention of researchers
some characteristics such as its much lower density if compared to steel, its
capability as an alloying agent with an amount of metals to enhance physical and
mechanical properties, to name just a few characteristics. This paper will discuss
the performance on tribology behavior in two different Titanium alloys. These
Titanium alloys are Ti-6Al-4V (Ti64), and Ti-24Nb-4Zr-8Sn (Ti2448). The reason
of why these two alloys are being tested is because Ti64 has been used for
biomedical applications, and Ti2448 is a candidate to be added into biomedical
applications with some similar properties as Ti64. Tribology testing is performed
by a tribometer and will show different features such as coefficient of friction,
tangential force, and it will also allow us to measure the weight loss in every test.
The parameters of tests will be divided in two different sections, each section with
four different tests. In the first section, the parameters will be fixed all but an
increasing load per test (1N, 2N, 4N, and 8N). In the second section, the load is
fixed, but the parameter that will be changing is an increase in revolutions per
minute per test (50rpm, 100 rpm, 150rpm, and 200rpm). The change in said
iv

parameters show the gradual increase of coefficient of friction, such as decrease in
inclusions as the load and speed increases.
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1. Introduction
1.1 Why Titanium
1.1.1. Materials used in medicine or biomaterials
In the past century there has been several advances in medicine partly by the
use of devices to improve patient health. These devices include artificial hearts and
pacemakers, machines for artificial kidney dialysis, replacement joints for hips,
knees, fingers, cardiovascular stents, and intraocular lenses, etc. Even though
biomaterials have been considered as an emerging field in medicine, it has been in
practice for a long time. In the last century, several new engineering materials have
been applied widely for medical implants. The majority of the material and process
development has been occurred in this period and has been accompanied with the
on growing research and technological developments in the field of biomaterials.
The majority of engineering materials used in load-bearing medical devices are
synthetic materials such as metals, ceramics, and polymers. In general, with regard
to the excellent mechanical properties and superior quality control available in
terms of material purity and high component tolerances during manufacturing,
synthetic/man-made materials are preferred over natural/biological materials [1].
The primary goal in selecting materials for medical devices and implants is
to restore function or integrity to the damaged tissue or biological component.
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However, these materials are to be biocompatible with the surrounding
microenvironment in order to succeed and attain long-term structural integrity. The
load-bearing medical devices provide structural support to the damaged
part. Some of the structural implants that are successfully being used in the body
include hip, shoulder, knee replacements, fracture fixation devices (plates and
screws), sutures, dental implants, vascular grafts, heart valves, pacemakers, balloon
catheters, and stents. Metals and high-density polymers are the materials of choice
for load-bearing applications, since they provide required mechanical properties
for long-term survival.
In addition to biocompatibility, the materials used in implants must offer
suitable structural properties for the given application including corrosion
resistance, wear resistance, fracture resistance, toughness, fatigue strength, and
compliance (elastic modulus) match to surrounding tissue [2]. Materials used in the
body should be intrinsically resistant to oxidative or chemical attack or able to
utilize protective mechanisms such as passivation or surface treatments.
The wide utilization of metallic implants and devices in orthopedics, allowed
them to participate in various other markets, including oral and maxillofacial
surgery (dental implants, craniofacial plates and screws), spine surgery
(intervertebral disc replacements, and spinal fixation), and cardiovascular surgery
(pace makers, artificial hearts, aneurysm clips, stents, valves, and catheters etc.).
2

1.1.2. Orthopedic joint replacement
It has been reported that ~52.5 million (22.7%) of adults aged 18 years and
older in the United States were diagnosed with arthritis, as analyzed from CDC
data for the years 2010-2012 [3]. When the arthritis become severe, joint
replacement surgery is initiated. Osteoarthritis is a condition in which the
lubricating layer of cartilage covering the ends of bone in joints degenerates. The
probability that human body becomes susceptible to this disease increases with
aging [4]. As the cartilage degrades, the bones start rubbing against each other in
motion and generates bone spurs tearing from the bone, which results in lot of pain
and cease of movement at the joint. The main joints that experience cartilage
degradation are the hip and the knee. Hip and knee replacement surgeries, often
referred as total joint arthroplasties are now routinely used to relieve pain and
restore mobility in patients suffering from osteoarthritis. Currently, over 400,000
hip and knee replacements are performed in the United States annually [5].
Approximately 10% of these surgeries fail due to premature implant failures and
need a revision surgery. The other 90% of surgeries have a limited life span of 1520 years. The pre-mature implant failures are caused by various reasons including
loosening, infection, dislocation, and designing materials that are not being patient
specific etc.
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A typical hip, knee, or shoulder joint consists of articular cartilage and
synovial fluid [6]. Articular cartilage is a connective tissue that covers and
connects the bone ends, which contributes to the lubricating effect with a low
coefficient of friction. Synovial fluid is a nutrient solution present in this area. In
total hip arthroplasty, the diseased joint is replaced by an artificial joint, the
purpose of which is to restore the lost motion without eliciting any adverse effects.
A typical hip implant consists of a femoral and an acetabular component. The
femoral component is a metal, usually titanium, cobalt-chrome, or stainless steel.
The acetabular component consists of ultrahigh molecular weight polyethylene
liner (UHMWPE), with a metal backing having porous coating. This design is
referred as metal-on-polymer (MOP), which has replaced the metal-on-metal
(MOM) designs, due to the drawbacks of pre-mature failures assisted by galvanic
corrosion. However, the constant rubbing of metal on polymer is capable of
generating particles of wear debris, and these can collect around the joint. In
extreme cases, this debris can interfere with the metabolic processes in the
remaining bone, leading to bone resorption and consequent loosening. Several
studies have been carried out to stabilize the oxidation of HDPE and increase its
wear, fatigue, and oxidation resistance. Of these, antioxidant stabilized HDPE’s
have shown favorable and interesting results [7].
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1.1.3. Implant fixation
Implants are fixed in mainly two ways. PMMA (poly methyl methacrylate)
also referred as bone cement is used to fix the position of the implant. The
polymerization process of PMMA around the implant results in burning of blood
vessels and living matter nearby. This type of fixation is generally implemented in
older patients and others who have less bone healing ability. In cyclic bending and
tensile stresses PMMA becomes brittle and fracture occurs at values much lower
than expected. It also leads to form a fibrous tissue layer at the implant interface
allowing for micromotion and providing a space for wear particles to accumulate,
which would ultimately account for aseptic loosening [8, 9].
The other type of fixation is cement-less or press fit, where, the implant fate
is determined by the extent of osseointegration. This type of fixation is generally
carried out in younger patients and others who have good bone healing ability.
However, cement-less implants are observed to frequently fail due to aseptic
loosening of the device, typically as a result of poor osseointegration. Hence, there
is a need to improve the life span of an implant from the average 10-15 years to
avoid revision surgeries, because the average life span of implant recipients is
more than the life of implant [10]. So an implant that lasts longer will help
diminish the number of necessary revision surgeries [11].
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Porous implants are designed to improve the quality of life. Porous scaffolds
in orthopedic tissue engineering provide biological anchoring to the surrounding
bone tissue through the ingrowth of mineralized tissue into the structure [12]. Preosteoblasts cultured on porous Ti scaffolds showed higher levels of differentiation,
proliferation and mineralization compared to those cultured on mirror polished
titanium [13]. The optimal range of pore size for bone ingrowth, reorganization
and vascularization is frequently reported in between 50-400um. However, pore
sizes larger than 150 µm are preferred as they closely mimic the micro architecture
in vivo [14].

Figure1. Bone remodeling-osteoblasts and osteoclasts differentiation
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1.1.4. Bone tissue
Osseous or bone tissue contains abundant extracellular matrix with water,
collagen fibers, and crystallized mineral salts. Ossification (bone formation) of
bone tissue happens mainly in two ways, intramembranous ossification and
endochondral ossification. Four types of cells exists in bone tissue, which help in
bone remodeling and maintenance. They are osteogenic/osteo-progenitor cells,
osteoblast cells, osteocytes, and osteoclasts [15].
Osteogenic cells are located along the inner portion of periosteum, in the
endosteum. These cells are derived from mesenchyme, the tissue from which all
connective tissues are formed. Osteogenic cells undergo differentiation and
develop into osteoblast cells. Osteoblast cells are known to secrete their own
extracellular matrix, which consists of type-1 collagen fibers, hydroxyapatite
mineral, and other non-collagenous proteins. These cells known as bone forming
cells, embed or get trapped in the secreted matrix and differentiate to osteocytes.
Osteocytes are the mature cells that help in maintaining the bone by exchanging
the nutrients and wastes with blood stream. They do not undergo any further
differentiation. They respond to mechanical and electrical signals in the bone.
Osteoclasts are multi-nucleated cells, derived from fusion of as many as fifty
monocytes/ macrophage precursors and are located in the bone marrow along the
endosteum. They release lyzosomal enzymes and acids, which digest the bone
7

matrix. These cells help in resorbing fractured or damaged bone. The hierarchical
architecture of bone from nano- to macro-scale is presented in figure 2 [16].

Figure 2. Organization of bone over different length scales [16]. (A) Macro-scale,
(B) Micro-scale – osteons and blood vessels, (C) Nanoscale – collagen fibers and
hydroxyapatite crystals, and (D) Molecular scale - collagen molecules.
1.2. Implant materials and their applications
1.2.1. Stainless steel as a biomaterial
The density and modulus of stainless steel are about 7.9 g/cc and 210 GPa,
which are relatively higher when compared to titanium and its alloys. The modulus
of a material is directly related to its stiffness. The processing of stainless steel
involves annealing, which is a low strength condition. So, most of the conventional
medical grade stainless steels are cold worked or cold drawn to increase their
strength. High strength is not always a required property. So, annealed steels are
used as cerclage wires and reconstruction plates, where ductility is an important
8

requirement. Implants attaining intermediate strength (cold rolled) are generally
used as temporary implants such as bone screws, bone plates, and intramedullary
nails etc. The high strength, cold drawn implants are used as kirschner wire and
schanz screws [17].
Currently used conventional stainless steel implants contain 13 to 16 wt%
nickel although nickel ions released from stainless steel medical implants are the
most widespread skin contact allergen [18]. Each component provides unique
properties to the material, whereas, nickel free austenitic stainless steels are
reported to have enhanced cellular functions. Chromium and molybdenum
contribute to the corrosion resistance, whereas, nitrogen is added to stabilize
austenite phase and to improve hardenability. However, stainless steels classified
on the basis of the size of their basic structural unit (grain) also have importance in
biological applications. For example, nanograined stainless steels (1-100nm)
appear to have favorable cell responses compared to coarse grained stainless steel.
The increase in number of grain boundaries at the surface, due to the decrease in
grain size, provides material surface with enhanced properties such as wettability
and surface energy, which favors protein adsorption and subsequent biological
functions. Titanium and titanium alloys are used for internal fixation because they
have better biocompatibility and corrosion resistance than stainless steel but they
have lower mechanical strength, reduced toughness, and higher price. The price,
9

availability, and machinability of grain-refined implant stainless steels will be
influential in determining the widespread utilization of nano-/ultrafine-grained
implants for bone surgery.
1.2.2. Titanium as a biomaterial
Titanium is widely used in skeletal repair throughout the body due to its
excellent properties, including low corrosion, low modulus, high strength-toweight ratio, and good biocompatibility [19, 20]. Titanium and titanium alloys
offer exceptional strength with a substantially lower density (4.43 g/cc) and elastic
modulus (110 GPa) than CoCr and stainless steel alloys. Titanium and its alloys
are highly resistant to corrosion and facilitate long-term biological stability.
Titanium is virtually unique in the natural formation of titanium oxide surface
layer, the structure of which interfaces well with the structure of bone and that
there is a natural propensity for bone attachment and integration to this surface [21,
22].
The osteointegration at the bone-implant interface enables excellent fixation
for titanium systems used in orthopedic and dental implants [23]. Furthermore, the
lower elastic modulus (nearly half that of cobalt chromium or stainless steel)
reduces the complication of stress shielding (loss of bone due to lack of stress
transfer to surrounding bone tissue) that can occur with stainless steels and cobalt–
chromium-based alloys. The consequence of stress shielding is peri-prosthetic
10

osteolysis, implant loosening, and premature failure of the device. Designing an
implant for long-term survival has particular significance in orthopedic industry.
Bone regeneration and repair are promoted by the transfer of mechanical loading
between the implant and bone, thus making the particular design of the titanium
critical. Due to the mismatch in elastic modulus of solid Ti implants and bone, they
are sometimes found to carry a disproportionate amount of the biological load,
creating the stress-shielding of the surrounding tissue, leading to eventual
loosening of the implant by causing resorption of the bone [24]. Porous coatings
and three-dimensional porous geometric designs, utilized to reduce implant
stiffness have been developed to promote long lasting interface strength and
vascular ingrowth over a period of several months to a year [25].
Strength, Ductility, Fatigue life, Wear, and Corrosion Resistance
The strength of a coarse-grained material usually follows the well known HallPetch relationship
σ = σ0 + Kd-1/2

(1)

where σ is the strength, d is the grain size, and σ0 and K are constants.
Nanostructured materials deviate from this relationship, with slower strength
increase (smaller K) as the grain size decreases. Below a certain critical grain size,
an inverse Hall-Petch relationship is observed [26]. To have the desired
combination of high strength and high ductility for structural and functional
11

applications, smaller grains are not always desired. Ductility usually decreases
with decreasing grain size in nanostructured materials. Nanostructured metals and
alloys with grain sizes less than 20 nm or amorphous alloys may have both lower
strength and lower ductility than materials with larger grain sizes. There exists an
optimum grain size range in which a nanostructured material has both high
strength and good ductility.
The processing method also affects the strength and ductility.
Nanostructured materials produced by “bottom-up” approach usually are very
brittle due to defects such as oxidation, trapped gas and porosity [27].
Nanostructured materials produced by top-down techniques are contamination-free
and porosity-free so that they usually have high strength and good ductility. It can
be shown that SPD processing decreases the ductility to a smaller extent than
conventional deformation processes such as rolling, drawing and extrusion.
Fatigue strength and wear resistance are other important properties of a
material that are essential for structural and functional applications. The correlation
of high-cycle fatigue life with strength, and low-cycle fatigue life with ductility
illustrates the trend of enhanced high-cycle fatigue life but a shorter low-cycle
fatigue life in SPD-processed metals [28]. Nanostructured metals usually have
higher strength and lower ductility than their coarse-grained counterparts.
Moderate annealing after SPD processing in Phase-Reversion process has
12

improved the ductility without significantly sacrificing the strength, thereby
improving the low-cycle fatigue life. Since nanostructured materials have a higher
hardness than their coarse-grained counterparts, it is reasonable to anticipate an
increased wear resistance.
Nanostructured Ti offers superior corrosion resistance property than coarsegrained Ti and this enhancement is probably due to the more uniform nature of
corrosion [29]. In coarse-grained Ti the dissolution of the material is heavily
concentrated at the grain boundaries because they have a higher energy than in the
grain interior, but in nanostructured Ti the high defect density inside the grain
tends to equilibrate the energies across the material, leading to a more uniform
corrosion [30].
High strength and good ductility rarely exist simultaneously in any material.
Therefore, this combination is very attractive for advanced structural and
functional applications in areas such as aerospace and health care. Unfortunately,
the mechanism for achieving such good mechanical properties is not yet
understood although it is generally recognized that the mechanical behavior of
materials is determined by the deformation mechanisms, which in turn are
controlled by the nature of the microstructures.
1.3. Where it is used
Titanium and its alloys have been extensively used for several decades as a
13

monolithic and solid implant material to fabricate orthopedic biomedical devices.
Titanium alloy has superior biological and mechanical properties, in comparison to
pure titanium, because of the favorable microstructure and stable passive film.
Moreover, Ti-6Al-4V alloy forms a dense layer of nanometer scale apatite crystals
in vivo. The mineralization of an amorphous layer of calcium phosphate on
titanium structures was attributed to the affinity of Ca12 and HPO224 ions for
titanium.
Titanium alloys meet some of the most important requirements including high
specific strength, low stiffness, good corrosion, and fatigue resistance in
physiological media and have been used as implants for dental, orthopedic, and
maxillofacial applications. However, consideration of 3D printed structures with
the ability to reduce
modulus mismatch is envisaged to be an advancement in the biomedical arena for
the treatment of load-bearing segmental bone defects. The elastic modulus of
thermomechanically processed wrought titanium alloys is in the range of 90–115
GPa, and the modulus of cortical hard bone (outer region of femoral and tibial
bones) is 16–20 GPa, while that of cancellous or trabecular soft bone with open
cellular structure is 1–4 GPa. [31]
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Figure 3. Two- and three-dimensional representation of open cellular mesh
structure of Ti-6Al-4V alloy with different porosity (mesh 2 mm: porosity_55%,
mesh 3 mm: porosity_77%, and mesh 4 mm: porosity_85%) as imaged through
scanning electron microscopy.

1.4. Surface modification
The key to achieving long-term stability and prevent aseptic loosening is
increasing bond strength between the prosthesis and the native bone.

15

Untreated metal implants always possess a bio-inert surface that prevents reactions
between the organism and the implant. This is achieved using surface modification
techniques to develop various coatings to meet bioactive demands.
There are three main types of surface modifications: (1) physical methods such as
sand blasting, polishing, and heat treatment; (2) chemical methods such as acid or
alkali etching and anodic treatment; and (3) biomimetic coatings. The former two
methods aim to increase cell attachment and proliferation by changing the
microstructure and roughness of the scaffold surface. Osteoblasts attached to
roughened Ti surfaces exhibit enhanced osteogenic differentiation with
upregulation of alkaline phosphatase and osteocalcin. The last method involves the
fabrication of a biomimetic coating on the scaffold to improve biocompability. In
vivo tests have revealed that bone ingrowth depth is significantly higher for
scaffolds with biomimetic coatings than for uncoated and brushite-coated
scaffolds. In addition, brushite coats are an effective carrier vehicle for antibiotics.

Acid and alkali etchings are common chemical surface modification methods.
Treatment in HCl causes surface corrosion, and produces small craters with a mean
diameter of 5e10 mm and sharp edges. Treatment with NaOH solution produces
similar craters but with rounded, blunt edges. The raw surfaces of the scaffold had
granular topography at the macro scale and smooth topography at the micro scale.
16

However, blasting and acid etching could induce microscopic roughness on the
surfaces while maintaining the macro structure. Homogenous nanofeatures were
observed on the macro surface after pickling [86]y. Alkali-acid-heat (AlAcH),
alkali-acid (AcAl), and anodizing (An) treatments were applied on the scaffolds.
Cell proliferation, apatite-forming ability, osteogenic markers, as well as quantity
of new bone formed all demonstrated that anodizing treatment was superior to
alkali-acid-heat and alkali-acid treatments in promoting bone ingrowth. This TiO2
layer enhanced cytocompatibility and hydroxyapatite deposition. [32]
1.5. Electronic plasma
Electrolytic plasma processing (EPP) techniques are a hybrid of conventional
electrolysis and atmospheric plasma process and have been a field of research for
many years. The first significant work in this field was done by Kellogg. Later,
Hickling and Ingram conducted several studies on glow discharge plasma (GDP).
Several other studies have been conducted worldwide on EPP, ranging from basic
science to practical applications. All the independent studies reveal a common
observation that, at a certain value of voltage between two electrodes in an aqueous
electrolyte, there is significant deviation from Faraday's normal electrolytic regime.
The application of electrical potential is significantly greater as compared to the
conventional electrolysis and leads to an anomalous phenomenon of excess gas
evolution at the working electrode(s), leading to formation of a continuous gas
17

envelope around either the cathode or the anode accompanied by a luminous
discharge. The main factors that influence the formation of the continuous plasma
envelope include applied potential, temperature of the electrolyte, electrode
geometry, nature and properties of the electrolyte, and flow dynamics. Good
reviews of EPP from surface engineering and scientific prospectives have been
conducted by Yerokhin and Belevantsev. Most studies are concentrated on the
anodic regime of EPP and very few on the cathodic regime.
Electrolytic Plasma Technology (EPT), in general, has been used to engineer
metal surfaces in the cathodic regime, but can also be used in the anodic regime, as
required by the specific application.

18

Figure 4. Schematic of EPT processing mechanism: (a) plasma bubble on the
surface of the work piece. Single plasma bubble is shown for illustration only. In
reality, the bubble is surrounded by numerous bubbles, (b) shockwave production
by the cooling plasma bubble, (c) collapsing plasma bubble and cleaning, (d)
collapsing plasma bubble and creation of micro-crater, (e) collapsing bubble
deposits ions in case of coating, and (f) increasing coating thickness with
processing time.
19

1.5.1. Main applications
1. Cleaning
Cleaning of a metal surface is an essential step prior to many applications such as
coating, drawing, etc. EPT has been effectively used to remove oxides, dirt,
lubricants, etc., from the metal surface. Both ferrous and non-ferrous metals and
alloys have been cleaned.
2. Surface texturing
Surface properties, such as roughness and morphology are important parameters
for many applications such as coating adhesion, tribological performance, etc.
Most conventional methods that are used to improve the surface properties are grit
blasting and chemical etching, both having environmental problems. Recently,
efforts have been made to develop green technologies for surface texturing such as
laser surface texturing (LST), electrodischarge machining, and plasma processes.
3. Coating
The role of metal coatings in the improvement of various surface characteristics
such as corrosion, wear, etc., cannot be over emphasized. Metal coatings have been
deposited on metallic substrates by EPT.
4. Surface alloying
EPP have been used to harden steel by surface alloying, e.g. carburizing, nitriding,
carbonitriding and borosulfocarbonitriding. Belkin has published details of the
20

various EPP surface-alloying treatments. The driving force behind surface alloying
is the difference in chemical composition between the substrate and the vapor
envelope. Metal surfaces can be alloyed by nonmetals like O, C, N, B or by metals
such as W, Mo, V, etc. It is interesting to note that the diffusion rate of different
chemical species in the metal surface during EPP was significantly higher as
compared to the conventional counterparts. [33]
1.6. Titania nanotubes
Titanium (Ti) and its alloys have been broadly employed as implantation
materials due to their favorable properties such as lower modulus, good tensile
strength, excellent biocompatibility and enhanced corrosion resistance compared to
316LSS and Co–Cr alloys. However, being bio-inert, they cannot bond with bone
directly and do not actively stimulate initialization of bone formation on the
surface at an early stage of implantation. They are reported to have a low chemical
bonding ability with the bone when employed in vivo due to the encapsulation by
fibrous tissue that isolates the implanted material from the surrounding bone and
leads to implant dislocation and premature loosening. Thus, titanium based
implants must be able to demonstrate excellent osteointegration at the boneimplant interface, since this is the prerequisite condition for successful clinical
implantation.
Nanostructured TiO2 has been widely used in various applications such as
21

biosensors, solar cells, photocatalysis, photoelectrolysis and biomaterials. Anatase,
rutile and brookite are three common crystal structures of TiO2. A considerable
number of studies have proved that surfaces comprised of nanostructured TiO2
exhibit positive effect on cell behaviour such as significant accelerated rate of
apatite formation, enhanced osteoblast adhesion, proliferation and differentiation.
Accordingly, these findings strongly suggest the use of nanostructured TiO2 as a
future implant material.
The aim of this paper is to review a number of established methods for fabrication
of biomaterials with nanostructured TiO2 surface topography. Specific focus is
given to TiO2 nanotubes. The role of surface nano-topography on cellular
interaction and biological response of different types of cells is also discussed.
Finally, an outlook of future growth of research in TiO2 nanostructures beyond the
nanotube is provided.
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Table 1. Comparison of TiO2 nanotube fabrication methods

1.6.1. Fabrication
F.1. Assisted-template method
For the assisted-template method, it can be divided into two types: positive and
negative templates. Positive template synthesis is employed when oxide materials
are coated on the outer surface of the template, whereas oxide materials are
deposited on the surface inside the template’s pores when negative template is
used. Anodic aluminium oxide (AAO) membrane that consists of an array of
monodisperse cylindrical pores with uniform diameter and length is usually used as
a template.
F.2. Anodization
TiO2 nanotubes with ordered alignment and high aspect ratio had been produced
by using anodization. The dimension of nanotubes such as the tube diameter and
length can be controlled by applying different electrolyte composition, applied
23

voltage, pH and anodizing time based on the investigations by a group of
researchers.
In the study by Gong et al., well aligned high density TiO2 nanotubes were
obtained by anodizing a pure titanium sheet in an aqueous solution containing 0.5–
3.5 wt% hydrofluoric acid [48]. The nanotubes produced had an average diameter
ranging from 25 to 65 nm and the trend was found to increase with increasing
applied voltage. However, they also concluded that the length of the nanotube was
unaffected by anodization time.
Self-organized porous TiO2 nanotubes (p-TiO2) were synthesized by Ghicov’s
group based on the anodization of Ti foil in phosphate/fluoride mixed electrolytes.
They reported that nanotubes with a diameter of around 50 nm and a length of up
to 500 nm were formed in a H3PO4 based electrolyte. Changing the electrolyte to
(NH4) H2PO4 led to the formation of nanotubes with a diameter around 100 nm
and a length of up to 4 mm. Furthermore, they also showed that the thickness of
the nanotube layers was affected by the pH dependence of the oxide dissolution
rate and anodization time.
The dissolution rate at low pH (H3PO4) was much higher than high pH ((NH4)
H2PO4).
Bauer et al. investigated the effect of fluoride concentrations and applied potentials
in H3PO4 electrolyte on the formation of self-assembled TiO2 nanotube layers.
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They deduced that the optimized condition for self-organized TiO2 nanotube
formation was established for 0.3 wt% HF and tube diameter and length depended
linearly on the applied voltage from 1 V to 25 V. The anodic layer did not show a
self-organized morphology at potentials higher than 25 V. Nevertheless, the main
disadvantage of this method is that the as-synthesized nanotubes are amorphous
and a postannealing is required to crystallize them into anatase, rutile or bookite
structure. Also, some studies showed that the annealing had an adverse effect on
the stability of nanotubular structure. At elevated temperature, high surface area
makes the nanotubes prone to solid-state sintering, which leads to grain growth,
densification and eventually complete collapse of the nanotubular structure.
F.3. Hydrothermal treatment
Hydrothermal treatment has received wider attention because this method yields
pure phase TiO2 nanotubes with good crystallinity. This method has been
reviewed in detail by Ou et al. and Wong et al. The formation of TiO2 nanotubes
by using hydrothermal treatment is affected by the starting materials, sonication
pre-treatment, hydrothermal temperature and post-treatment. Tsai and Teng
prepared TiO2 nanotubes by hydrothermal treatment of commercial TiO2
nanoparticles in NaOH followed by HCl washing. A hydrothermal temperature
ranging from 110 to 150 C showed effects on the extent of particle-tosheet- to-tube
conversion and the anatase-to-rutile transformation [34].
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1.7. Ti alloys produced as additive manufacturing (Mesh & Foam structures)
The complexity of bone is shown generally in the illustrationsprovided in figure 1.
Figure 1a shows an upper view of the humanfemur bone composed of central
cancellous (soft) or spongy bonestructure which is functionally graded into the
outer cortical or hard bone whose porous, foam structure is shown in the cortical
section in figure 1b. The soft femoral bone center or intramedullary region shown
by the dashed circle in figure 1a also contains a propensity of vascular (blood) cell
structures. In its natural state, the femur carries its external loads primarily in the
cortical (C) (outer bone) regime where, in contrast to the softer trabecular (T) bone,
the stiffness or elastic (Young’s) modulus (E) can be at least on order of magnitude
greater: < 2 GPa for trabecular (T) bone in contrast to ~20 GPa for cortical (C)
bone. Bone density (and corresponding porosity) apparent in figure 1bnormally
varies from 1.7 to 2.1 g/cm3. The associated bone compressive strength (or
compressive yield stress) varies from 0.13 to 0.18 GPa, and the bending strength is
generally represented by E/100 [35].
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Fig. 5. (a–c) Cubic, G7 and rhombic dodecahedron element in the Materialise
software and (d–f) the corresponding Ti–6Al–4V prototype blocks fabricated by
the EBMmethod.
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Figure 6. Human bone structure. (a) View of upper femur. Outer hand, cortical
bone is noted at C while the softer trabecular bone is noted at T. The
intramedullary regime is included within the large dotted circle (Wikipedia image).
(b) Cortical bone section showing foam structure (Courtesy Prof. Alan Boyde,
QMUL).

1.7.1. Ideal open cellular structures: foam model
Since the basic deformation mechanism of foams in general is bending
dominated, Gibson and Ashby considered that foam such as the bone structure
shown in figure 1b consists of a network of short beams or struts. These are often
referred to as Timoshenko-type beams whose behavior is described by shear
deformation and rotational inertia effects. In this simple, classical mechanics
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representation shown reproduced in figure 2, relative density (ρ/ρs; where ρs is the
fully solid density) for the cubic cell shown as short, connected struts, and the
second moment of area of a rectangular strut member, I, are related to the beam
member (or strut) dimensions by:
ρ/ρs∝ (t/l)2, (1)
I ∝t4 ; (2)
where t and l are the strut dimensions shown in figure 2. The corresponding elastic
(Young’s) modulus or stiffness for the opencellular element shown in figure 2 is
given by [25,26]:
E= σ/E= C1EsI/l4= C1Est4/l4, (3)
where from Equation (1):
E/Es= C1 (ρ/ρs)2; (4)
where Es is the fully dense (solid) modulus, and C1 is a constant. This ideal foam
or open-cellular structure model has been demonstrated to characterize a wide
range of polymeric foams, aluminum and aluminum alloy foams, as well as other
metallic, open-cellular structures
The model in Figure 7 represents a unit cell which can be the basis for a
periodic structure such as a lattice block [29] or reticulated mesh structure with
high stiffness and strength, with only a fraction of the solid material weight [30].
However, the irregular, stochastic networks representing bone (Figure 1b) are
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generated either in a regular manner with the help of Kelvin cells, (or regular-faced
convex polyhedra), or irregularly by irregular-faced polyhedra with connecting
edges (ligaments) having triangular or distorted triangular cross-sections rather
than the more regular circular or rectangular cross-sections for struts (Figure 7).
[36]

Figure 7. Simple foam structure element loaded with compressive force
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2. Tribology introduction

Titanium alloys have been of great interest in recent years because of their very
attractive combination of high strength, low density and corrosion resistance, but
these alloys possess a low sliding wear resistance. [37]

The tribological setup interfaces with an electrochemical testing system by
using a potentiostat. The interfacing system consists of a three electrode
arrangement, namely, reference electrode (RE), counter electrode (CE) and
working electrode (WE). Tribological studies deal with mechanical parameters
describing the interaction between articulating surfaces.
The articulation generates frictional fores that may cause the surface to
deform and lead to wear. Available electrochemial techniques including open
circuit potential (OCP), potentiostatic test (PS) and electrochemical impedance
spectroscopy test (EIS) are suitable for studying the tribocorrosion process. These
techniques allow monitoring and controlling the electrochemical test conditions
during sliding and assist in quantifying the relationship between corrosion and total
wear volume [38].
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The control of displacement is particularly important in fretting because
displacement accommodation by elastic deformation becomes relevant in case of
small amplitude motion. According to the classical analysis, by superposing a
tangential force to a ball on flat Hertzian contact, some slip occurs on the outer
annular part of the contact area while the entire remains locked (non-slip area). In
such partial slip conditions, material damage seems to occur only within the slip
area, which becomes larger with increasing displacement [39].

The pin-on-disk wear test to measure of the lifetime of the coating is performed
using an instrument known as a “Tribometer”. The sample is mounted on a chuck
which can be rotated at a predetermined speed, A ball or other static parner is
mounted in contact with the rotating sample via an elastic arm which can move
laterally and therefore measure the tangential forces (friction) between sample and
ball with a sensor. The data acquisition system records the frictional force as a
function of time or number of revolutions, although it is often recalculated so that
the coefficient of friction (COF, μ) is displayed on the same axes. [40]

In the example shown in Fig 8, the coating has failed after sliding distance of 37m
and subsequent optical microscopy of the wear track shows that the coating has
been almost completely removed [38].
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Fig 8. (a) A typical test data from a pin-on-disk Tribometer test where coating
failure occurs after a distance of 37 m (dotted line) and (b) the optical micrograph
of the wear track confirming that the coating has been completely removed.

2.1. Introduction to experiment
A bio-material is defined as any systemically pharmacologically inert
substance or combination of substances utilized for implantation within or
incorporation with a living system to supplement or replace functions of living
tissues or organs. Biomaterial devices used in orthopedics are commonly called
implants; these are manufactured for a great number of orthopedic applications [39].
It is important for orthopedic surgeons to understand the nature of biomaterials, their
structural configurations, and their properties, as well as the effects of their
interaction with soft and hard tissues, blood, and intra- and extra cellular fluids of
the human body [39]. There are many ways with which a material can fail. One of
the important possibility is wear which can be defined as the removal of material
from solid surfaces by mechanical action [40]. Joint prostheses are the most
commonly effected by wear. Join wears out but prior to this, the particles produced
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by wear are phagocytosed by osteoclasts causing osteolysis and therefore loosing of
component [39].
Titanium alloys have been of great interest in recent years because of their very
attractive combination of high strength, low density and corrosion resistance, but
these alloys possess a low sliding wear resistance [41]. In comparison to light weight
alloys based on aluminum and magnesium, titanium alloys present interesting
possibilities as tribomaterials, but they have not been widely investigated as bearing
materials so is the need to though investigations of their tribological properties. They
are harder and stiffer than Mg and Al alloys, and they resist exposure to heat and
aqueous corrosion must better. Like Al and Mg, their high affinity for oxygen results
in the formation of an adherent surface oxide, but sub-stochiometric TiO2 can act as
a soft lubrication [42].
To understand the wear behavior of a material, generally a wear test is conducted
using a technique named pin-on disk test. This pin-on-disk wear test is to measure
the lifetime of the coating is performed using an instrument known as Tribometer.
The sample is mounted on a chunk, which can be rotated at a predetermined speed.
A ball or other static partner is mounted in contact with the rotating sample via an
elastic arm which can move laterally and therefore measure the tangential forces
(friction) between sample and ball with a sensor [43]. The data acquisition system
records the frictional force as a function of time or number of revolution, although
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it is often recalculated to that the coefficient of friction (COF, µ) is displayed on the
same axes [43].
This renewed interest in the friction and wear of Ti alloys has prompted the current
laboratory study of the behavior of two commercially-available Ti alloys sliding
against model metallic, ceramic and polymeric counterfaces [42]. One of the two
alloys (Ti-6Al-4V) has had more tribological attention than others [44-48], but the
other (Ti-24Nb-4Zr-8Sn) was felt to be of interest as well. It is intended to establish
baseline data for these alloys with which to compare the tribological behavior of new
surface treatments. In this present work, friction and wear tests were carried out on
a high speed pin-on-disk tribometer with a Ti-6Al-4V and Ti-24Nb-4Zr-8Sn alloys
against a 100Cr6 steel ball under simulated body fluid environment. Moreover, the
microstructures of Ti-6Al-4V and Ti-24Nb-4Zr-8Sn alloys after wear test were
analyzed and the changes in microstructures of the surface and subsurface layer of
the alloys were studies by means of scanning electron microscopy (SEM) for a better
understanding for degradation mechanism of tribological properties of Ti-6Al-4V
and Ti-24Nb-4Zr-8Sn alloys.
2.2. Experiment
The flat polished Ti64 and Ti2448 alloys were used as stationary materials.
The tribological behavior of the biometallic alloys was evaluated using a commercial
Anton Paar pin-on-disk tribometer. A 6 mm diameter high-chromium steel ball was
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used as the moving counter-body. The samples were provided a mechanical
polishing followed by cloth polishing using (0.05 µm alumina powder). Prior to the
wear tests, both the flat and ball were ultrasonically cleaned in acetone. The sample
was placed in the sample holder, completely filled with simulated body fluid
solution. In order to investigate the wear behavior, the wear tests were performed at
different loading conditions (1 N, 2 N, 4 N and 8 N). For better understanding of the
effect of wear behavior at different velocities, there were tests were carried out at
different rpm (50 rpm, 100 rpm, 150 rpm, 200 rpm). All the tests were performed
for 5000 cycles for a distance of 31 m at 10 Hz. Freshly prepared solution was used
for each experiment. The composition of simulated body fluid solution used was
(values in g/l) 8 NaCl, 0.4 KCl, 0.14 CaCl2, 0.06 MgSO4·7H2O, 0.06
NaH2PO4·2H2O, 0.35 NaHCO3, 1.00 glucose, 0.60 KH2PO4, and 0.10
MgCl2·6H2O. All the tests were conducted under room temperature. Each wear tests
were repeated three times to evaluate the mean value of weight loss. The coefficient
of friction between the ally and the ball was determined by measuring the frictional
force with a stress sensor. Detailed microstructural characterization of the worn and
ultrasonically cleaned flat surfaces was performed with SEM.

2.3. Results
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The change of coefficient of friction with time for a constant distance (~31 m)
for Ti64 and Ti2448 alloy with varying loads i.e., 1 N, 2 N, 4 N and 8 N in simulated
body fluid (SBF) environment are presented in Figure 1. In case of Ti64, the alloy
exhibits similar friction coefficient behavior where the average coefficient of friction
(COF) varies from 0.50 for 1 N to 0.39 for 8 N. The same trend is observed in Ti2448
alloy, where the average coefficient of friction (COF) is observed to be varying from
0.68 for 1 N to 0.58 for 8 N at selected loading conditions. Ti2448 has higher
coefficient of friction compared to the Ti64 alloy under identical loads. For both the
materials, as the normal loads increases it is observed that the coefficient of friction
(COF) decreases which is apparent from the Figure 9. Increase in surface roughening
and a presence of wear debris may be responsible for the decrease in friction.
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Figure 9. Comparative plot for coefficient of friction versus time for Ti64 and
Ti2448 against steel at 10 Hz frequency, 500 cycles, 100 rpm and 31 m
distance.

Figure 10 shows the tangential force in response to the applied loads with
respect to time for a constant distance of 31 m under SBF condition. Coefficient of
friction (µ) can be defined as the following relation:
𝐹𝑡 = µ 𝐹𝑁
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Figure 10. Comparative plot for tangential force versus time for Ti64 and
Ti2448 against steel at 10 Hz frequency, 500 cycles, 100 rpm and 31 m
distance.
Where 𝐹𝑡 is tangential force, 𝐹𝑁 is normal force and µ is coefficient of friction. From
the equation, it is apparent that tangential force and normal force are directly related
which implies that with increase in normal force, tangential force increases
proportionally that is shown in the Figure 2. The average tangential force obtained
from the tribology experiment for Ti64 and Ti2448 at 1N is ~0.50 N and ~0.66 N
respectively, which is very close as the applied load is low. With load increased to
2N, the marginal difference between the tangential forces for both the alloy increases
i.e., ~0.93 N for Ti64 and ~1.32 N for Ti2448. For loads 4N and 8N, the average
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tangential forces increase as understood from the equation (1), and the difference
between the forces also changes with ~1.7 N and ~3.2 N for Ti64 respectively. And
in case of Ti2448, the average tangential forces for 4 N is ~2.5 N and 8 N is ~5 N.

The relationship between weight loss and applied load of Ti64 and Ti2448

Figure 11. Variation of weight loss of investigated alloys Ti64 and Ti2448
with change of load.
alloys in SBF condition is presented in Figure 11. As we observe from the plot, the
wear weight loss increases with increase in loading condition which is a similar
behavior in both the alloys. At 1N load, the weight loss for Ti64 (~0.4 mg) is
marginally less than Ti2448 alloy (~0.9 mg) as the applies load is low. As the load
increased to 2N, the marginal difference between the two alloys also increases as
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observed for Ti64 (~0.6 mg) and for Ti2448 (~1.65 mg). At loads 4 N and 8 N, the
degree of weigh loss is high following the same trend of loads increment increases
weigh loss in both the alloys i.e., In case of Ti64, weight loss of ~1 mg for 4 N and
~1.5 mg for 8 N and for Ti2448, weight loss of ~2.7 mg for 4 N and ~3.5 mg for 8
N.
For better understanding of the wear test, worn surface morphology and the
mechanism behind the wear on surfaces were looked under scanning electron
microscope (SEM). Figures 12 & 13 shows the SEM micrographs of wear track of
both the alloys Ti64 and Ti2448 under identical loads and conditions (10 Hz
frequency, 5000 cycles and 100 rpm). Figure 12 shows the wear tracks of Ti64 alloy
at loads 1 N, 2 N, 4 N and 8 N after 3000 secs. The appearance of worn surface looks
different for different loads. In Figure 12 (a) for 1N load, it is observed that the wear
track is smoother and cleaner at low magnifications with little wear visibility. At
high magnifications, better visibility of wear tracks on the surface with less density
of debris trapped on to the tracks. The size of the debris is ~1 µm after analyzing
five different regions. As load increased to 2N, the wear track visibility looks
apparent and with debris distributed through out the wear track and trapped within
the tracks. It is also observed that as the load increases the size of the debris also
increases. In this case, after the wear test with 2 N load the size of the debris is ~10
µm. For load 4N, the track looks more worn and the fragmentation of the surface
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particles continues to increase in size. An interesting observation made form the
morphologies is that the track is depleting into “ribbons” during the wear
experiments. These ribbons are fragmenting into debris and further into very small
particles, which is evident from the Figure 12(c). The morphology of the wear track
for 8N load is showed in Figure 12(d). From the morphologies it can be understood
that the wear track is depleting and separating itself into sub tracks by creating
barrier. The debris after repeated rubbing on to the wear track during the test case a
rupture on the track which creates this crack or barrier which shows that the weight
loss is higher as the alloy surface particle fragments into debris and these debris on
repeated wear on to the surface causes cracks. These debris size also increases where
after test under 8 N it is observed the size of the debris reaches ~30 µm.
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Figure 12: SEM micrographs of Ti64 alloy fretted against steel ball at (a) 1N (b) 2N (c) 4N (d) 8N loads
respectively, at 10Hz frequency, 5000 cycles and 100 rpm.
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Figure 13: SEM micrographs of Ti2448 alloy fretted against steel ball at (a) 1N (b) 2N (c) 4N (d) 8N loads
respectively, at 10Hz frequency, 5000 cycles and 100 rpm.
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Figure 13 shows the wear tracks of Ti2448 alloy at loads 1 N, 2 N, 4 N and 8
N after 3000 sec. The visibility of the wear tracks is drastically different than
compared to Ti64. Here the wear track viability is high, and it improves as the load
is increased. Figure 13(a) shows the worn surface morphology of the alloy for 1N
load where it is observed that the wear track appears to have less worn and cleaner
at low magnifications. At high magnifications, the wear track looks more parent with
all the distorted surface and apparent debris are also visible in non-uniform shapes.
The size of the debris is ~18 µm after analyzing five different regions. For load 2N,
the wear track visibility looks more apparent and with debris comes out from the
surface in the form of chunks and spread around the surface. The broken particles of
the alloys are trapped to the tracks and clings to the surface. It is also observed in
this alloy that as the load increases the size of the debris also increases. In this case,
after the wear test with 2 N load the size of the debris is ~35 µm. In case for load
4N, the track looks more worn and the fragmentation of the surface particles
continues to increase in size. An interesting observation made form the
morphologies is that the track is depleting into non-uniform particles of the samples,
and the depletion layer is visible after the wear experiments. These loose layers of
clustered particles are fragmenting into debris and further into very small particles,
which is evident from the Figure 13(c). The wear track morphology for 8N load is
showed in Figure 13(d). From the micrographs it is understood that the wear track is
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depleting and the loose layer that comes out in the beginning of the wear test after
few cycles come together and form into a big chunk of particles and also the layer
of the alloy surface comes out. The worn-out debris doesn’t have a uniform shape
and the size of the particles are bigger than we observed in Ti64. These debris size
also increases where after test under 8 N it is observed the size of the debris reaches
~50 µm.
In another study conducted to understand the effect of change in rpm on the
surface morphology, COF, tangential force and weight loss effect. This study was
made by keeping load (8 N), cycles (5000 cycles), frequency (10 Hz) and radius of
the track (1mm) constant under simulated body fluid (SBF) environment. Figure 14
show the relationship between Coefficient of friction (COF) with respect to time at
different rpm. In case of Ti64, for low velocity (50 rpm) we observe a steady state
of coefficient of friction (µ). This is due to the fact that due to low velocity there will
be a uniform motion between the alloy and the steel ball which results to this steady
behavior. The average coefficient of friction that is analyzed from the data is ~0.42.
At 100 rpm, it is observed that COF starts from 0.44 which is because of the nature
of the alloy surface and possibly pre-existence of the surface roughness due to
polishing. But by the time reaches to 1000 sec, the COF drops to ~0.39 and it remains
constant with an average of ~0.40. Same is with 150 rpm and 200 rpm. In case of
150 rpm, it is observed though the test COF starts from 0.42, it quickly adjusts itself
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and come to a constant COF with an average value of ~0.39. And for 200 rpm, it
shows the behavior similar to that of 100 rpm where the COF starts from 0.425 and
it goes down to 0.37 and slowly go to a stable state with an average COF to be ~0.38.
The behavior in the trend of Ti2448 alloy is different in comparison with Ti64 as
observed from the Figure 14. Here, similar to Ti64, at 50 rpm it is observed that the
COF is constant through out the test with an average COF to be ~0.63. For 100 rpm,
the trend is different compared to the previous cases. Here in the beginning of the
test the 0.58, as time increases to 1000 secs it is seen that the COF also increases to
0.63. As the test continues, this COF curves goes down and settles to an average
value of ~ 0.61. This unsteady behavior in the beginning could be due to the chipping
of debris from the surface, which inherent the movement of the steel ball against the
alloy Ti2448. A similar trend is observed for 150 rpm where coefficient of friction
starts from 0.57, as the test time 500 secs, the COF also increases and reaches to
0.60. After 500 secs, the curve goes down and reaches a steady state with an average
coefficient of friction of ~0.59. For high velocity (200 rpm), there is a unsteady curve
in the beginning as observed for other rpm’s, but once it crosses the 500-800 secs
time interval it reaches a steady state for a average value of ~0.58.
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As explained from equation (1), it is already understood the tangential force
and normal force are directly related i.e., with increase in normal force, tangential
force increases proportionally. But in this study, we have kept the load as constant
(8 N) and trying to understand the behavior of the alloy with change in velocity with
respect to time. Figure 15 represents the change in tangential forces with respect to
change in velocity. The average tangential force obtained from the tribology

Figure 14. Plot between coefficient of friction and time for alloys Ti64 and
Ti2448 against steel ball at 10 Hz, 500 cycles, 100 rpm and 31 m distance.
experiment for Ti64 and Ti2448 for 50 rpm is ~3.26 N and ~5 N respectively. With
velocity increase to 100 rpm, a same trend is followed between the tangential forces
for both the alloy increases i.e., ~3.22 N for Ti64 and ~4.84 N for Ti2448. For
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velocities 150 rpm and 200 rpm, the average tangential forces the difference between
the forces changes to ~3.18 N and ~3.07 N respectively for
Ti64 alloy. And in case of Ti2448, the average tangential forces for 150 rpm
is ~4.75 N and 200 rpm is ~4.66 N. An interesting observation that can be made
from this study is as the velocity increases, tangential force decreases proportionally
which was opposite to what is observed from the previous study where as tangential
force increases proportionally with applied load.
The relationship between weight loss and change in rpm for Ti64 and Ti2448

Figure 15. Plot between coefficient of friction and time for alloys Ti64 and
Ti2448 against steel ball at 10 Hz, 500 cycles, 100 rpm and 31 m distance.
alloys in simulated body fluid environment is presented in Figure 16. As observe
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from the plot, similar to the previous study the wear weight loss increases with
increase in velocity or change in rpm for both the alloys. For 50 rpm, the weight loss
for Ti64 (0.86 mg) is marginally less than Ti2448 alloy (1.09 mg) as the test is done
under low velocity. As the velocity is increase to 100 rpm, the marginal difference
between the two alloys also increases slightly for Ti64 (~1.47 mg) and for Ti2448
(~1.89 mg). For velocities 150 rpm and 200 rpm, the degree of weight loss is higher,
following the same trend as before where loads increment increases weigh loss. But
here with raise in the velocity also leads to increment in the weight loss for both the
alloys i.e., in case of Ti64, weight loss of ~1.96 mg for 150 rpm and ~2.5 mg for 200
rpm and for Ti2448, weight loss of 2.7 mg for 150 rpm and 3.5 mg for 200 rpm.
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Figure 16. Variation of weight loss of investigated alloys Ti64 and Ti2448 with
change of rpm.

Figure 17 and 18 shows the micrographs of the wear track and the debris that
comes out of the alloy after the tribology test with change in rpm. Figure 17 revels
the micrographs of the Ti64 alloy under simulated body fluid environment at
selected different velocities (50 rpm, 100 rpm, 150 rpm and 200 rpm). Figure 17(a)
revels the morphology of the wear track at a low magnification which looks distorted
at high magnifications. Small debris of the alloy after the wear test are also visible
which are spread through the track and stuck to the grooves. The size of the debris
after analyzing five different regions is about ~2 µm. For 100 rpm, the wear track
appears to be loosing more particles of the alloy which is supported by the weight
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loss data Figure 16, and these particles come together, form a cluster and stuck to
the grooves of the track as shows from Figure 17(b). Figure 17(c) revels the
morphology where it is observed that the debris that comes out of the alloy after the
test, fabricate into much smaller particles where some stay on the surface and some
comes and float into the SBF. These particles fabricate into smaller size compared
to that of previous two velocities because of the application of high load and velocity.
At high velocities i.e., 200 rpm (Figure 17(d)), the surface is uniformly distributed
with debris of the alloy after the wear experiment and these particles form into
clusters which shows the nature of the alloy at high velocity and loading conditions.
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Figure 17: SEM micrographs of Ti64 alloy fretted against steel ball at (a) 50 rpm (b) 100 rpm (c) 150 rpm (d)
200 rpm velocity respectively, at 8N load, 10Hz frequency and 5000 cycles.
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Figure 18: SEM micrographs of Ti2448 alloy fretted against steel ball at (a) 50 rpm (b) 100 rpm (c) 150 rpm (d) 200 rpm
velocity respectively, at 8N load, 10Hz frequency and 5000 cycles.
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Figure 18 represents the morphologies of Ti2448 alloy after the tribology test.
Figure 18(a) presents the wear track micrographs for low velocity of 50 rpm, where
it shows the wear track with traces of material loss at low velocity and the alloy
debris which are in irregular shapes and sizes distributed through the track. The
average particles sizes for low velocity (50 rpm) is ~5 µm. For 100 rpm (Figure
18(b)), it is evident form the micrographs that the surface of the alloy Ti2448 is
fabricated further and large part of the materials layer is chipped out of the surface
that is apparent from the high magnifications. There also observe the irregularity of
the wear track surface, which can be understood that the materials are affected by
the debris coming of the alloy. And during the test, these debris rub against the
surface and cause the further distortion to occur which affects the COF as we saw
earlier. Figure 18(c) revels that as velocity increase (150 rpm), the chipped off layer
of the material fabricates into much smaller pieces and stick to the surface because
of the high loading conditions and velocity. We also observe the debris in form of
“ribbons” coming out of the edge of the tracks that eventually turn into small
particles during the process of tribology tests. At high velocities i.e., 200 rpm, these
glued debris to the surface comes out as the form of a layers which is supported by
the weigh loss data where we observed that at high velocities there is maximum
weigh loss. This high weigh loss caused by the chipping of material layers into the
SBF, and some of the particles evidence construct to the surface. These layers are
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accompanied with further fabricated particles of the alloy, which are also spread
through out the track. These observations explains the facts how the alloy Ti64 and
Ti2448 behave under high loading conditions with change in velocity in simulated
body fluid (SBF) environment.
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